Abstract-Medical ultrasound systems are capable of monitoring a variety of health conditions while avoiding invasive procedures. However, this function is complicated by ultrasound contrast of the tissue varying with contact pressure exerted by the probe. The knowledge of the contact pressure is beneficial for a variety of screening and diagnostic procedures involving ultrasound. This paper introduces a solid-state sensor array, which measures the contact pressure distribution between the probe and the tissue marginally affecting the ultrasound imaging capabilities. The probe design utilizes the dielectrostriction mechanism, which relates the change in dielectric properties of the sensing layer to deformation. The concept, structure, fabrication, and performance of this sensor array are discussed. The prototype device is highly tolerant to overloads (>1 MPa tested) and provides stress measurements in the range of 0.14-10 kPa. Its loss of ultrasound transmissivity is less 3 dB at 9-MHz ultrasound frequency. This performance is satisfactory for clinical and biomedical research in ultrasound image formation and interpretation, however, for commercial product, a higher ultrasound transmissivity is desired. Directions for improving the sensor ultrasound transparency and electrical performance are discussed. The sensor array described in this paper has been specifically developed for ultrasound diagnosis during breast cancer screening. However, the same sensing mechanism, the similar configuration, and the sensor array structure can be applied to other applications involving ultrasound tools for medical diagnostics.
During an ultrasound scan, an ultrasound transducer is in contact with the patient body. In many imaging tasks there are irregular layers of tissue and structures, such as ligaments, that interfere with wave propagation. Transmission of the acoustic wave through these layers improves when contact pressure with the transducer is increased to the point that the layers become (reasonably) planar and perpendicular to the direction of wave propagation. Consequently, ultrasound image brightness and contrast is strongly affected by the pressure between the ultrasound probe and the tissue. Knowledge of the contact pressure between the probe and the tissue is beneficial for learning ultrasound imaging techniques and performing repeatable screening and diagnostic tasks. Contact pressure information is useful in ultrasound elastography for breast cancer screening [2] , [3] to aid in reproducibility and quantitative accuracy: this is the application which motivates the development reported in this paper. Tissues exhibit nonlinear elastic behavior, therefore the shear modulus varies with deformation beyond a linear elastic region. The (quasistatic) elastography testing procedure involves comparison of ultrasound echo signals obtained before and after applying a compressive force to the tissue by the ultrasound probe. Pre-and post-loading echo signals are compared to estimate the displacement fields in tissue and, potentially, for images of relative tissue strain. The distribution of contact pressure between the probe and the breast tissue can be combined with the deformation data to provide a distribution of the elastic modulus in the tissue. Performing this data acquisition and modulus reconstruction over relatively large deformations (20% strain) allows estimating the elastic nonlinearity of tissues. Malignant lesions tend to be stiffer than benign lesions, and malignant lesions have higher elastic nonlinearity than normal and benign tissues [4] [5] [6] . The reconstruction of tissue modulus and elastic nonlinearity can help classify the lesion as benign or malignant and, therefore, reduce the unnecessary biopsies. Besides benefiting modulus reconstruction, the knowledge of contact pressure is also helpful for comparison of repeat (visit-to-visit) images, telemedicine, sonographer assistance, and monitoring work-load of sonographers for reducing risk of musculoskeletal injury.
To provide data on contact pressure between an ultrasound probe and tissue surface, an array of sensors operates between the patient body and the ultrasound probe. This dictates technical requirements for the contact pressure sensor array:
(a) good ultrasound transparency, (b) high pressure sensitivity, (c) recording time-dependent loads with good temporal resolution and stability (0.1 to 50 sec), (d) large dynamic range, and tolerance to overload.
In addition, the materials of the sensor should be biocompatible, and the excitation voltage should be low. Further, minimal bending of the pressure sensor array is desirable to avoid stray sources of pressure-dependent signals. Flexible and semi-flexible pressure arrays are currently produced by a number of companies. These products can be divided into several groups based on the physical approaches, dynamic ranges, tolerance to overloads, and energy efficiency in wearable implementations. The following is a brief summary of some typical sensing solutions, see Table 1 .
Pressure indicating films change color under the applied pressure: Typical products in this category are Fuji Prescale® film (Tekscan [7] , Sensor Products [8] ) and Pressurex-micro® (Sensor Products [8] ). However, such films detect pressures and deformations in a narrow load range and are not suitable for time dependent and periodic testing applications.
Piezoresistive pressure arrays use a layer of semiconductor material or a composite of conductive inclusions at the percolation limit. The resistance between two electrodes deposited on opposite sides of such layer is proportional to the applied pressure. This approach benefits from a simple electronic interface and the ability to have long wires between the sensor and a data acquisition (DAQ) unit. However, such sensors have low dynamic range of the detected pressure, high hysteresis for cycling loads, significant temperature drift and electric noise. Piezoresistive sensors dissipate electric energy which limits service life in wearable and portable implementations and requires a correction for temperature drift due to self-heating. There is also a very limited selection of available sensing materials. Typical products of this type are sensors manufactured by Tekscan [7] .
Resistive strain gages arrays utilize a thin film gage deposited on a deformable substrate. In-plane deformations of the substrate are detected through a change of the sensor resistance. Resistive strain gages are the industrial standard for detection of deformations and provide good sensitivity and temperature stability with proper selection of the gage material [9] . There are many well established and readily available off-the-shelf data acquisition (DAQ) solutions for sensing these signals. However, conversion of a pressure load to an in-plane deformation may be challenging -a typical approach involves a set of micro cells where the sensor substrate works as a membrane, and this would not be compatible with ultrasound imaging. Another critical limitation is the low detectable range of deformation which should stay within the elastic limits of the gage material, sensor substrate, adhesive layer and the membrane assembly. The energy efficiency of the resistive strain gages is also low. Typical products of this type are manufactured by Strain Measurement Devices [10] and Sensor Products [8] .
Fiber optic pressure arrays detect deformations of optical fibers [9] , [11] . The advantage of this approach is their high resistance to electromagnetic noise, high temperature stability, and the capability of monitoring several data nodes with a single fiber. There are many established DAQ methods for such pressure arrays, though they are quite expensive. Limitations of this sensing approach are a narrow range of deformation [12] . Capacitive pressure arrays have electrodes deposited on opposite sides of a sensing layer [13] [14] [15] . The advantage of this approach is its high sensitivity to the pressure signals and high energy efficiency in portable implementations. A typical implementation of this sensor requires an air-gap between the elastic spacers. This implementation has low dynamic range of the detected signal and sensing elements have multiple cavities which would scatter the ultrasound beam. Typical products of this type are manufactured by Pressure Profile Systems [16] .
Dielectrostriction pressure array is introduced in this paper. It employs solid-state technology and therefore has no features which scatter the ultrasound beam, provides large dynamic range and can withstand large overloads. The sensing mechanism is based on the dielectrostriction effect, that is, the contact pressure is determined by a change in the dielectric constant of the sensing layer [17] [18] [19] . The sensor implementation presented here employs an interdigitated configuration of electrodes deposited on a single plane. Compared to traditional parallel-plate sensors, the planar configuration of interdigitated electrodes simplifies sensor manufacturing, eliminates errors arising from the potential misalignment of two plates, and enables the sensor to be easily accessed at any desired location. Electronic and DAQ techniques for the dielectrostriction sensing approach are similar to capacitive sensors and are readily available.
In the following sections the dielectrostriction phenomenon and stress-dielectric relation are introduced. The concept of a dielectrostrictive sensor is discussed. Then the configuration and structure of sensor array are described, followed by the sensor fabrication and performance. Although in this paper an electrode pattern and the sensor structure are designed specifically for ultrasound diagnosis during breast cancer screening, the same sensing mechanism can be applied, and the configuration and structure of the sensor can be easily modified, to other applications involving ultrasound tools for screening and diagnosis.
II. BACKGROUND

A. Dielectrostriction and Stress-Dielectric Relation
Dielectrostriction is defined as the variation of dielectric properties of a material with deformation, and is a fundamental property of any dielectric material [17] , [21] , [22] . Deformation affects the relative positions of the dipoles and the local electric field of the material which leads to a change in dielectric properties.
The dielectric properties of a deformed isotropic material are described by a second order tensor, ε i j , which can be approximated as a linear function of the strain tensor, u i j , [22] , [23] ,
where α 1 and α 2 are strain-dielectric coefficients, u ll ≡ u 11 + u 22 + u 33 and δ i j is the Kronecker delta function. Small variations of dielectric properties with deformation are required to justify the assumption of linearity in Eq.(1) namely,
where ε is the dielectric constant of the initially isotropic material. By using a local field model, Shkel and Klingenberg [21] derived strain-dielectric coefficients, α 1 and α 2 , for a mixture with randomly distributed rigid inclusions under affine deformation,
, and
where ε mix and ε c are the relative dielectric constants of the mixture and the continuum matrix medium, respectively. A pure elastic solid, which can be treated as a mixture of numerous polarizable molecules dispersed in a vacuum (ε c = 1), is a common example of the above-mentioned material systems.
In the stress-dielectric study of polymers, it has been found that a linear relationship exists between the change of dielectric constant and the stress under small deformations for both solid and liquid polymers [17] , [19] , [24] , as both the polarizability tensor and stress tensor are strongly related to the distribution of the end-to-end vectors of a material system. A stress-dielectric relation can be formulated similar to the strain-dielectric relation as,
where λ 1 and λ 2 are stress-dielectric coefficients, σ i j is a stress component, σ ll = σ 11 + σ 11 + σ 11 and δ i j is the Kronecker delta function. Strain-based and stress-based formulations of dielectrostriction are equivalent for materials in the linear elastic region: strain-dielectric coefficients, α 1 , α 2 , and stress-dielectric coefficients, λ 1 , λ 2 can be easily converted to each other, since Hooke's law provides a linear relationship between strains and stresses:
where E Y is the Young's modulus and ν is the Poisson's ratio. In the non-linear stress-strain region, the strain-based and the stress-based descriptions of dielectrostrictive response cannot easily be converted to each other. They therefore should be treated independently and may be related to each other only for some given deformation modes.
B. Planar Capacitive Sensor
A planar sensor with interdigitated electrodes deposited on a non-conductive substrate is described below. The sensing layer is a dielectric material located in close proximity to the electrodes. Deformation changes the dielectric constant of the sensing layer, which is characterized by the change in the sensor capacitance. A detailed examination of the rheological and electronic aspects of dielectrostriction measurements using planar capacitive sensor is discussed in Refs. [18] , [19] , [24] [25] [26] . The following gives a brief description of the concept and dielectrostrictive response of this sensor under a compressive loading.
A planar capacitive sensor is formed by interdigitated electrodes (having equal width, W = 2w, and being separated by a distance, A = 2a) which is attached to a dielectric material, as shown in Fig. 1 . Both the thickness of the dielectric material, h, in Fig. 1 , and the length of the electrode, l, are much larger than the electrode width and separation (h, l W, A). The electrodes in Fig. 1 are located in the xy-plane and form an angle, θ , with respect to the y-axis. The capacitance, C θ , of such a planar sensor with an isotropic material on top is
where ε and ε s are the dielectric constants of the dielectric material and the sensor substrate, respectively. The value of C 0 can be obtained experimentally or estimated as
where parameter L is the combined length of all electrodes, and C 0 represents the capacitance of the electrodes in free space. In this study, the width 2w and the spacing 2a are the same, so C 0 = 2ε 0 Lln2/π. Variation of dielectric constant of a dielectric layer subjected to a compressive strain, u zz , depends on constraints on the layer surfaces. If the material is free to expand, then the other non-zero strain components are lateral expansion strains in x and y direction, u x x = u yy = −νu zz . The capacitance of the planar sensor under small compressive deformations becomes,
and
If the material is fully constrained, then u x x = u yy = 0. As a result, the sensor capacitance becomes, and
Eqs. (7) and (8) indicate that the capacitance of the planar capacitive sensor in both situations is a linear function of strain and independent of sensor orientation.
C. Sensitivity of the Interdigitated Design
The interdigitated design of the pressure sensor has numerous advantages for application in ultrasound imaging systems.
Compared with the parallel plate design, electrodes are located on a single substrate which reduces number of layers in the sensor and increases its ultrasound transparency. In addition, the thickness of the sensing layer has little influence on the performance of this pressure sensor once it exceeds 3 times the distance between the centers of two adjacent electrodes. However, it could be instructional to compare sensitivity to deformation of interdigitated and parallel plate sensors.
Consider the simple case of a parallel plate sensor where two rigid plates are separated by elastic spacers. This design is similar to the one which has been commercialized by Pressure Profile Inc. [16] . The sensor response to pressure-induced strains is
where h is the plate separation and u zz is the pressure-induced strain in the elastic spacers. Similarly, the response of the planar sensor with interdigitated electrodes is given by Eq. (8) which simplifies to
Eq. (3) provides an estimate for dielectrostriction coefficients which is
The sensor substrate used in this study was polyimide (PI) with ε s = 3.4 and the sensing layer was polydimethylsiloxane (PDMS) with ε = 2.8. In this case, sensitivity of interdigitated design is 0.5 times the sensitivity of parallel plate design. For a sensing layer with ε = 4.8, the sensing response of both designs would be equivalent, and with ε = 9.7 the sensing response of interdigitated electrodes would be twice that of an air-gap parallel plate design. For future implementation, we considered a silicone rubber as the sensing material since it has well-established biocompatible properties and has dielectric constants in range of ε = 3.2−9.8 [27] . The sensitivity of the resulting interdigitated design would range from 0.65 to 2 times of the parallel plate design.
III. SENSOR ARRAY: DESIGN, MANUFACTURING, PERFORMANCE
A. Electrode Pattern and Sensor Structure
This sensor array is designed to be mounted on the front surface of an ultrasound transducer. During ultrasound imaging, the contact pressure between the integrated device and the tissue would deform the sensing layer, change its dielectric properties, and therefore lead to a change in the sensor capacitance. The sensor array layout is shown in Fig. 2(a) and the cross-layer structure of a single sensor element is presented in Fig. 2(b) . Fig. 2(a) depicts the whole sensing array having an area of 38.5 mm×31.1 mm and the interdigitated electrode layout. These design dimensions were selected to accommodate the acoustic aperture of a 2D capacitive micromachined handheld ultrasound transducer such as the prototype transducer from Siemens Ultrasound reported in [28] . This design also allows the same array to be repeated to cover the scanning area of an Automated Breast Volume Scanner (ABVS), such as the system based on the Siemens Acuson S2000. The pressure sensor array contains 16 elements with each element covering an area of 6 mm×6 mm. The width of each electrode is 20 μm, and the distance between the centers of two adjacent electrodes is 40 μm. An electrode pattern with 40 μm electrode pitch can be readily manufactured on a flexible substrate and the sensing element capacitance which is proportional to total length of leads per sensor area is sufficient for reliable operation. In addition we assume an array of 6 mm by 6 mm sensing elements provides sufficient resolution to accurately detect a pressure distribution over contact area of the ultrasound probe if it is produced by elastic deformation of lesions located 18 mm or deeper in the tissue.
To determine the thickness of the sensing layer before the fabrication of the sensor array, the impedance measurements were conducted on the sensor arrays with PDMS layers at thicknesses of 40, 60, 80, 100, and 120 μm. The results showed that the impedance of the sensing element varied little when the sensing layer's thickness was above 80 μm. At a distance of 80 μm away from the electrodes, the electric field strength drops to around 6% of its maximum value. Therefore, 90 μm has been finally chosen as the thickness of the PDMS sensing layer in this study.
B. Fabrication
In the device part, as shown in Fig. 2 (b) , an adhesive polyimide (PI) film has an interdigitated electrode pattern made of titanium (Ti) and gold (Au) on top, which is covered by polydimethylsiloxane (PDMS) as a sensing layer. The shielding part consists of a non-adhesive polyimide (PI) film covered by Ti and Au. The whole sensor array is bonded to polymethylpentene (PMP; is also called TPX) substrate using silicone adhesive on the back surface of the adhesive PI film. TPX has a high acoustic transparency and is commonly used in ultrasound devices.
The fabrication process involves four main steps as shown in Fig. 3 . A 25 μm thick adhesive PI film (3M Kapton HN-1) was attached to a 3" silicon wafer (Fig. 3 (a) ). AZ5214E photoresist (Microchemicals GmbH) was spin-coated on the PI film, went through baking, exposing and developing processes. A 20 nm thick Ti layer followed by a 200 nm thick Au layer were deposited by e-beam evaporation. During the lift-off process, the patterned photoresist was removed by ultrasonication in acetone (Fig. 3 (b) ). A liquid PDMS prepolymer (Dow Corning Sylgard 184) was mixed with its curing agent at a ratio of 10:1 by weight, degassed in vacuum, spun onto the PI film to form a 90 μm layer, and then heat cured at 60°C for 14 hours (Fig. 3 (c) ). During transferring process, the device part with silicon substrate was heated on a hotplate at 150°C to melt the adhesive on the back surface of the PI film, detached from the substrate, and then bonded, at room temperature, to a 127 μm thick TPX film.
To make a shielding part, an additional PDMS layer was spun on a silicon wafer and heat cured following the same procedure as described for the sensing device. A non-adhesive PI film was temporarily attached to the PDMS layer, a 20 nm thick Ti layer and a 200 nm thick Au layer were deposited on this PI film. Finally, the PI film covered by the metal layer was detached from PDMS layer. A strong bond between the device part and the shielding part is achieved by following the procedure described in Ref. [29] : A PI film in the shielding part was treated with a 50 W oxygen plasma for 1 min, and then placed in an aqueous solution of 1% v/v (3-Aminopropyl) Then the surfaces of the PI film and the PDMS layer were kept in conformal contact. After a few minutes, a strong bond was formed between the device and shielding parts ( Fig. 3 (d) ).
C. Performance 1) Electrical Impedance Measurements:
A perfect pressure sensor is modeled as an ideal variable-capacitor. In the real world all sensor leads have resistance, there is a leakage current between the capacitor plates, and there are dielectric losses in the material between the capacitor plates. All these effects can be modelled by three element schematics shown in Fig 4. In this model C p represents the sensor capacitance, R p describes the effects of current leakage and dielectric losses and R s represents the combined resistance of all electric leads. A good impedance analyzer can readily measure all these parameters. The ideal relationship between the equivalent circuit parameters would be R s 1/ωC p (=Z c ) R p . If R s is too high and/or R p too low it would reduce the sensing signal. We are prepared to accept up to 10% reduction of the output in the real circuits, and therefore, as the rule of thumb, we would accept the relations 10R s < Z c ; 10Z c < R p .
The electrical impedance, Z , phase, θ , capacitance, C p , and resistance, R p (in parallel mode) of the sensing elements on three sensor arrays were measured using an HP 4194A impedance analyzer. Table 2 lists the mean values and standard deviations of these three electrical properties. From the measured impedance, Z , and phase shift, θ , in Table 2 , the impedances of the capacitor, C p , and the resistors, R p , and R s in Fig. 4 can be estimated as, Z c ≈ 600k , R p ≈ 60M , and R s ≈ 6k (100R s ≤ Z c ; 100Z c ≤ R p ) which corresponds to Fig. 5 . A function generator (Tektronix AFG3251) produces electronic pulses (sinusoidal bursts with an amplitude of 20 mV, pulse repetition frequency of 50 Hz, and duration of 20 cycles) whose amplitude are magnified by a power amplifier (EN 240L). The electronic pulses excite an ultrasound transducer (on the left side of the in Figure 5 ), which converts the electronic pulses to acoustic pulses. The ultrasound transducers and pressure sensor array are submerged in degassed distilled water. The acoustic waves emitted from the transmitting transducer are propagated through the water only or the water and the pressure sensor array in two separate measurements (a typical insertion loss experiment), and then received by the other ultrasound transducer (on the right side of the sample in Fig. 5 ). The received acoustic pluses are converted back to electronic signals, which are displayed on an oscilloscope (Agilent Technologies DSO3152A). The acoustic transmissivity of the pressure sensor array can be determined by dividing the detected electric signals with and without the pressure sensor array between the transmitting and receiving transducers [30] . The acoustic transmissivity measured at three frequencies of 7.5, 10 and 15 MHz are given in Table 3 . The mean and standard deviation of each value were calculated based on testing of five pressure sensor arrays.
Transmissivity data in Table 3 suggest suitability of the current design of the pressure array for clinical and biomedical research. For commercial applications a higher transmissivity Fig. 6 . Layout of ultrasound imaging system and tactile sensor array from top to bottom: Siemens Acuson S2000 system using an 18L6 linear array transducer, tactile pressure array, and tissue-mimicking phantom. Fig. 7 . Images of a tissue-mimicking phantom were acquired using a Siemens Acuson S2000 system with an 18L6 linear array transducer operated at 9MHz. The image on the left was acquired without the sensor array between the transducer and the surface of the phantom and at a gain of 0dB. The image on the right was acquired with the sensor array between the transducer and the phantom and the gain of 3dB.
is desired (a loss in transmissivity equates to a loss in acoustic penetration into the tissue). Higher transmissivity can be achieved by better selection of matching materials in the sensor and/or using a thinner layer for the polyimide substrate.
Acoustic transmissivity in Table 3 has been verified in an experiment mimicking clinical use where images of a tissue-mimicking phantom composed of micron-size acousticscattering glass beads embedded in agar were acquired with a Siemens Acuson S2000 system using an 18L6 linear array transducer operated at 9MHz shown in Fig. 6 . Figure 7 shows the resulting B mode ultrasound images from the tissue mimicking phantom. The image on the left was acquired without the sensor array between the transducer and the surface of the phantom and at a gain of 0dB. The image on the right was acquired with the sensor array between the transducer and the phantom and the gain was increased, until at 3dB the image looked similar to that of the phantom without the sensor, which indicating an approximately 3dB loss of power caused by the presence of the sensor.
3) Dielectrostriction Measurements: Figure 8 shows the schematic of the experimental setup for dielectrostriction measurement on the sensor array. An AR-1000 rheometer (TA Instruments, New Castle, DE), as shown in Fig. 8(a) , exerts normal forces on the sensor array by an acrylic plate with a surface area of 40 mm×35 mm. A 2 mm thick silicone rubber sheet is attached to the acrylic plate. Compared to acrylic plate, a soft silicone rubber sheet can provide a better surface contact, and therefore a better stress transfer between the indenter and the sensor array. The impedance bridge circuit in Fig. 8(b) registers variations in the capacitance of the sensing elements caused by the deformation of the PDMS sensing layer. All tests were run in the squeeze/pull off mode of the rheometer with controllable variables the travel distance and loading speed of the indenter. During the tests, the starting travel point of the indenter was set to be 200 μm above the shielding layer; the travel distance was varied from 60 to 800 μm with an increment of 20 μm, and the loading speed was 20 μm/s. The corresponding normal forces were recorded by the rheometer.
The excitation voltage and frequency of the impedance bridge circuit were 2.5 V and 10 kHz, respectively. The output signal was measured by an Elvis II data acquisition system (National Instruments Corporation, Austin, TX) at a sampling rate of 250 kS/sec, and processed by Fast Fourier Transform of 1,000 data point blocks of data.
A time-dependent viscoelastic behavior of the sensing layer can be an issue for implementing the dielectrostriction stresssensing approach [17] , [19] , [24] . A preliminary test has been run to evaluate transition effects. Figure 9 shows the voltage response to incremental loading. Detected voltage and several representative stresses are shown in Fig.9 (a) as the function of time. Same measurements are presented in Fig. 9(b) as the voltage response to applied stress. Obtained results show that time-transition effects in the sensing layer can be neglected on timescales 1 to 10 sec. Figure 10 (a) presents a typical normal stress vs. time profile. The corresponding dielectrostrictive responses measured by a representative sensing element is shown in Fig. 10(b) , a scatter of the data points is within 1 to 3%. A short interval time between two adjacent steps in preprogramed rheometer loading subroutine was observed during the test. An exact duration of this intervals between squeeze to pull off, or pull off to squeeze cannot be set by the user and was not recorded by the rheometer. Voltage data in Fig. 10(b) show 10 secplateaus at zero and maximum stresses with the data scattering less than 3% (not seen at the selected scale).
Based on the data in Fig. 10 , the sensor output signal is re-plotted in terms of stress in Fig. 11 . From Fig. 11 , it has been found that the sensor signal is not linear with stress over the entire stress range. Instead, the signal vs. stress curve can be split into three regions. In the two regions with stresses less than about 0.7 kPa and greater than about 2.2 kPa, the sensor response increases linearly with stress but with different slopes. In the transition region between these two stress values, the slope of sensor output vs. stress curve decreases with an increase in stress. The mean and standard deviation of the smallest stress detected by sensing element, and the slopes of signal vs. stress curve in the two linear regions are listed in Table 4 for 12 sensing elements on 3 sensor arrays. 
IV. DISCUSSION
The dielectric response-stress profile of PDMS shows piecewise linear behavior under compressive loadings, as shown in Fig. 11 . This piecewise linearity of stress-dielectric relation Table 4 can be verified by the theory developed in Section II. Slops of experimental curves in Fig.10 are linked to the sensor capacitance as 1 V
This expression follows from balancing conditions of the bridge circuit in Fig 8(b) . Expressions 7 and 8 provide a capacitance of interdigitated planar sensor, C. In addition, the sensor design in Fig. 2 has a shielding layer which acts as a parallel plate capacitor, C shield , which 25% increases the total capacitance of the sensor. A capacitance of the shield also varies with deformations. For unconstrained layer
For fully constrained layer:
Ref [31] provides material data for Dow Corning Sylgard 184 PDMS which has been utilized for sensing layer in the developed sensor array. We utilized curing in our manufacturing process. According to Ref. [31] PDMS cured under temperature 60°C should yield Young' modulus Ey = 1.8MPa and compressive modulus Ec = 170MPa. These modules in turn are in agreement with commonly accepted approximation of ν ∼ = 0.499 for Poison's ratio. Substituting material data from Ref. [31] in the expressions above provides comparisons of the sensor sensitivity with Table 4 . Predicted sensitivity to the pressure is highly influenced by the Poison's ratio and Young' modulus of the sensing layer. Table 5 shows predicted slops for range of Poison's ratio approaching value 0.5 which corresponds to incompressible material.
The testing results for a single sensing element based on 4 measurements show that the standard deviation of the dielectrostriction signal is about 30% of the mean value at small deformations (stress less than 0.7 kPa), and about 10% at large deformations (stress greater than 2.2 kPa). For 12 sensing elements on 3 different sensor arrays, the variation of the dielectrostriction is about 75% at small deformations, and about 38% under large deformations as shown in Table 3 . From Table 2 it can be seen that the standard variation of the impedance is about 5% of the mean value for all sensing elements on different arrays. The large variation of the dielectric responses among the sensing elements is believed to be related to the contact surface between the indenter and the sensing layer. Since the thickness of the sensing layer is only about 90 μm, a tiny bump on the surface of the indenter or the sensing layer, a slight deviation of the indenter's axis from the normal loading direction, or a small variation in the thickness of the sensor array would cause the contact surface between the indenter and the sensing layer to be much less than the area seen by one sensing element. This phenomenon is more critical under small deformations than that under large deformations, and has been seen less significant for a soft (silicone rubber) indenter than a rigid (acrylic) indenter as the former can deform to some extent to increase the contact surface.
V. CONCLUSION
In this study, a microsensor array based on the dielectrostriction sensing mechanism has been developed to measure the contact pressure between an ultrasound probe and breast tissue to assist ultrasound diagnosis during breast cancer screening. The same sensing mechanism, and similar structure and configuration of this sensor array, can be applied for other screening and diagnostic ultrasound tasks. This sensor array adopts solid-state technology, therefore is able to work over a large dynamic range and withstand large overload. The planar electrode configuration and simple structure of this sensor array allows for the reduction in the thickness of the sensor array and the insertion of an acoustic matching layer which would improve the acoustic transmittance of the sensor array. The piecewise linearity observed in the stressdielectric responses of the current sensor array is believed to be attributed to the different mechanical constraints on the sensing layer at small and large deformations, which might be resolved by replacing the current bulk structure with a meta-structure having a low effective Poisson's ratio. The demonstrated performance is satisfactory for clinical biomedical research in ultrasound image formation and interpretation, however for commercial applications a higher ultrasound transmissivity is desired. To increase the acoustic transmissivity of the sensor array, the width of the electrode and the distance between two neighboring electrodes can be reduced to allow for the thickness reduction of the sensing layer. The other options to improve the acoustic transmittance of the sensor array include reducing the thicknesses of the other layers in the sensor array, and inserting acoustic matching layers to minimize the discrepancy of the acoustic impedances between the integrated device (pressure sensor and ultrasound probe) and the tissue. 
